ABSTRACT: Medial unicompartmental knee arthroplasty (UKA) is an accepted treatment for isolated medial osteoarthritis. However, using an improper thickness for the tibial component may contribute to early failure of the prosthesis or disease progression in the unreplaced lateral compartment. Little is known of the effect of insert thickness on both knee kinematics and ligament forces. Therefore, a computational model of the tibiofemoral joint was used to determine how non-conforming, fixed bearing medial UKA affects tibiofemoral kinematics, and tension in the medial collateral ligament (MCL) and the anterior cruciate ligament (ACL) during passive knee flexion. Fixed bearing medial UKA could not maintain the medial pivoting that occurred in the intact knee from 0˚to 30o f passive flexion. Abnormal anterior-posterior (AP) translations of the femoral condyles relative to the tibia delayed coupled internal tibial rotation, which occurred in the intact knee from 0˚to 30˚of flexion, but occurred from 30˚to 90˚of flexion following UKA. Increasing or decreasing tibial insert thickness following medial UKA also failed to restore the medial pivoting behavior of the intact knee despite modulating MCL and ACL forces. Reduced AP constraint in non-conforming medial UKA relative to the intact knee leads to abnormal condylar translations regardless of insert thickness even with intact cruciate and collateral ligaments. This finding suggests that the conformity of the medial compartment as driven by the medial meniscus and articular morphology plays an important role in controlling AP condylar translations in the intact tibiofemoral joint during passive flexion. ß
Medial unicompartmental knee arthroplasty (UKA) is an accepted treatment for patients with isolated medial osteoarthritis, in part because it has the potential to restore joint function more closely to normal than a total knee replacement. [1] [2] [3] However, installing a medial UKA alters the shape, conformity, and stiffness of the medial compartment. Therefore, UKA perturbs the constraint provided by the medial compartment thereby altering kinematics compared to the intact tibiofemoral joint (i.e., a knee with unreplaced articular surfaces and all passive restraints including cruciate and collateral ligaments, and menisci). For example, we and others previously showed that installing a fixed-bearing, nonconforming UKA causes external rotation of the tibia relative to the femur and increased anterior-posterior (AP) translation of the medial femoral condyle compared to the intact knee joint. 3, 4 Thus, the screw home motion, a characteristic feature of intact knee function, was disturbed. 5 Moreover, surgeons often adjust the thickness of the polyethylene tibial insert intraoperatively to restore the joint line and adjust ligament tension 6 to avoid early failure of the prosthesis or progression of disease in the unreplaced lateral compartment. 7 However, the effect of adjusting tibial insert thickness on the biomechanical function of the knee, specifically the forces carried by the medial collateral ligament (MCL) and the anterior cruciate ligament (ACL), and the resulting kinematics through a range of flexion, are not well understood. A previous biomechanical study of UKA that integrated cadaveric testing and computational modeling reported the effect of adjusting tibial insert thickness on ligament strain and contact stress at full extension, 8 but the interaction between tibiofemoral kinematics and ligament forces through a range of flexion was not described. Previous studies have reported that increasing the thickness of the polyethylene (PE) tibial insert lengthens the distance between the attachments of the superficial MCL during simulated activities in a cadaver model. 9 However, this measurement does not define the length at which the ligament begins to carry force; therefore, it is not a surrogate for ligament strain or force. Moreover, no previous studies identified the interaction between tibial insert thickness and ACL loading; which also plays a critical role in knee kinematics. 10 Altogether, in vitro measurement of ligament forces are challenging in the setting of numerous permutations in implant alignment and the propensity for tissue degradation with time, while ligament forces are extremely difficult to measure in vivo. 11 To provide a more comprehensive description of the effects of tibial component thickness in UKA on knee kinematics and on ligament forces, we used a computational model of the tibiofemoral joint together with subject-specific experimental data. We addressed the following research questions: (i) Can the computational model accurately predict AP translations of the medial and lateral femoral condyles relative to the tibia? (ii) How does tibial insert thickness affect AP translations of the medial and lateral femoral condyles, axial rotation of the tibia, as well as MCL and ACL forces compared to that of the intact knee?
METHODS
A previously developed multibody computational model of an intact tibiofemoral joint 12 was adapted for the current study and used in two main phases to address our research questions. First, the AP translations of the medial and lateral femoral condyles relative to the tibia were compared to a corresponding cadaveric experiment; and second, a fixed bearing UKA was virtually installed and the effect of implant thickness on tibiofemoral kinematics and ligament forces was assessed. The computational model of the intact knee consisted of subject-specific geometries of the tibia, femur, articular cartilage, and menisci from a 20-year-old male cadaveric knee obtained from computed tomography (CT) scanning (Fig. 1A) .
A total of 42 ligament fibers described the cruciate and collateral ligaments, capsular structures, and horn and coronary attachments of the menisci. [13] [14] [15] [16] The ligament fibers were modeled with non-linear, tension-only springs connecting the femur to the tibia and the menisci to the tibia. Mean structural properties were employed to describe the force-elongation response of the fibers including toe and subsequent linear regions. [17] [18] [19] [20] The slack length of each fiber was determined using a previously described algorithm. 12 The MCL was represented with anterior, central, and posterior fibers: each divided into distal and proximal pairs. 12 Each pair of MCL fibers was modeled to wrap around the proximal tibia (Fig. 1A) . 12 The lateral and medial meniscal geometries were discretized radially, and a linear stiffness matrix connected neighboring elements to represent a deformable geometry as described by Guess et al. 21 Tibiomeniscal coronary ligaments were modeled with seven tension-only linear fibers on the medial side and one fiber on the lateral side. 12 The coronary ligaments connect the tibial plateau to the outer aspects of the lateral and medial menisci. 22 Each meniscus has an anterior and posterior horn attachment that connects the ends of the menisci to the tibial plateau. 22 Rigid body contact was defined as a non-linear function of penetration depth and penetration velocity between opposing cartilage surfaces and between meniscal and cartilage surfaces. 12, 21, 23 Passive knee flexion (i.e., flexing the knee without applying muscle forces) was simulated because it is an important intraoperative assessment used by surgeons to appraise the interaction of the articular surfaces and the soft tissue structures that span the tibiofemoral joint. To simulate passive flexion, the femur was flexed about its transepicondylar axis while the tibia was allowed rotation and translation in all directions except in flexionextension. The femur was flexed from full extension to 90o f flexion at a rate of 0.9˚/s to reflect the slow rate of loading used in a corresponding cadaveric experiment. 12 A compressive force of 10 N was maintained across the joint throughout flexion, again to simulate the physical experiment. The compressive force was applied along the long axis of the tibia, which was defined by digitizing previously described anatomical landmarks. 12 These landmarks consisted of the sulcus of the fibular head, the MCL about 2 cm below the medial joint line, and the tibial shaft about 15 cm distal to the joint line. The tibial long axis was directed distally and was defined using the bisection of the two proximal landmarks and the distal landmark described above. The equations of motion were solved using the multibody dynamics software ADAMS (MSC Software, Santa Ana, CA) employing a GSTIFF integration scheme. 24 Previously, predicted mechanics of the intact tibiofemoral joint agreed with cadaveric measurements obtained in a robotic simulator including anterior translation and internal rotation ( 0.4 mm and 1.6˚root mean square (RMS) error, respectively) and collateral and cruciate ligament forces ( 5.7 N RMS error) from full extension to 130˚of flexion. 12 Extending this previous work, we compared the predicted AP translations of the medial and lateral femoral condyles with respect to the tibia with corresponding data from a cadaveric experiment, since these outcome measures are a common means of describing tibiofemoral kinematics in knee arthroplasty applications. 25 The medial and lateral condyles were respectively represented by tracking the most prominent peaks on the medial and lateral sides of the femur (i.e., the femoral epicondyles) as has been previously utilized (Fig. 1B) . 25 The AP translations of these points were determined relative to an AP-oriented vector. The direction of this MEDIAL UNICOMPARTMENTAL KNEE ARTHROPLASTY vector was defined as the common perpendicular of the line connecting the medial and lateral femoral epicondyles (i.e., the transepicondylar axis or TEA) and the long axis of the tibia; a decreasing value with respect to the intact knee at 0o f flexion indicated posterior translation of the femoral condyles relative to the tibia. Internal/external rotation of the tibia was described relative to the femur by adapting the convention of Grood and Suntay. 26, 27 Resultant forces carried by the MCL and ACL were also predicted by the model during passive flexion.
To answer the first research question concerning the ability of the computational model to accurately predict AP translations of the medial and lateral femoral condyles relative to the tibia, a cadaveric experiment was conducted using a previously described six degrees of freedom robot 12, 27 on the same intact knee specimen that was modeled. All loads, boundary conditions, and coordinate systems were consistent across the model and experiment. 12 The differences between predicted and experimentally measured AP translations of the medial and lateral femoral condyles relative to the tibia were calculated in 1˚increments throughout the entire flexion path. The root mean square (RMS) difference between experimental measurements and model predictions were reported from 0˚to 30˚, 30˚to 60˚, and 60˚to 90˚of flexion to assess the ability of the model to capture AP translations in extension, midflexion, and deeper flexion, respectively.
To answer our second research question concerning the effects of tibial insert thickness on tibiofemoral biomechanics, a fixed bearing medial UKA was virtually implanted into the computational model. Then, the sensitivity of the outcomes to the thickness of the tibial insert was evaluated. The 3D shapes of the femoral and tibial components of a Stryker Triathlon TM fixed-bearing UKA (Mahwah, NJ) were captured using a laser scanner (Konica Minolta, Inc, Tokyo, Japan; accuracy: AE40 mm, precision: 4 mm). Three-dimensional modeling software packages (Geomagic Studio, Geomagic, Inc., Research Triangle Park, NC and SolidWorks, Dassault Syst emes, Waltham, MA) were used to convert the point cloud data from the scanner to a 3D surface in Parasolid format ( Fig. 2A) .
Next, a fellowship-trained arthroplasty surgeon aligned the femoral and tibial components to the CT-derived articular surfaces at full extension by manipulating the components in 3D using image processing software (Mimics, Materialise, Inc., Belgium). This approach yielded a femoral component in 3˚of extension relative to the mechanical axis of the femur. The tibial component was perpendicular to the tibial mechanical axis in the coronal plane and had 6˚of posterior slope in the sagittal plane (Fig. 2B) . After placing the UKA in the multibody dynamics model, rigid body contact between the tibiofemoral articular surfaces was defined. The stiffness of the contact interface was modeled using a twoparameter power function based on a uniaxial compression test (Supplementary Material, Appendix 1, Figs. S-1 and S-2).
To create a balanced knee, the tibial polyethylene insert was translated proximally to match the MCL tension to that of the intact model in full extension. This approximated the surgical goal of restoring MCL tension with UKA implantation. 28 The component was then translated in the proximaldistal direction from this balanced position by AE2 mm to simulate surgically over-and understuffing the joint by changing the tibial insert thicknesses (Fig. 3) .
The knee models with the UKA implanted underwent passive flexion as described above, and the AP translations of the lateral and medial femoral condyles with respect to the tibia, tibial axial rotation with respect to the femur, and forces carried by the ACL and MCL were calculated (Fig. 3) . The changes in tibiofemoral kinematics imparted by the balanced, overstuffed, and understuffed UKA were reported in two flexion ranges relative to the intact knee: 0-30˚of flexion to assess medial pivoting in extension, and 30-90˚to assess the remainder of the passive flexion range.
RESULTS
The in silico model of the intact knee predicted AP translations of the medial and lateral femoral condyles that agreed with those measured in vitro. Predicted AP translations of the medial femoral condyle differed from the cadaveric experiment by 1.2, 0.6, and 0.3 mm RMS from 0˚to 30˚, 30˚to 60˚, and 60˚to 90˚of flexion, respectively (Fig. 4) .
Model predictions of AP translations of the lateral femoral condyle differed from the cadaveric experiment by 2.8, 1.2, and 0.9 mm RMS from 0˚to 30˚, 30t o 60˚, and 60˚to 90˚of flexion, respectively.
The balanced, overstuffed, and understuffed UKA failed to reproduce the AP translations of the medial and lateral femoral condyles of the intact knee (Fig. 5) . With the UKA in a balanced position, the posterior translation of the medial and lateral femoral condyles was 8.6 mm more and 6.1 mm less, respectively, than the intact knee from 0˚to 30˚of flexion. Overstuffing the UKA led to minimal AP translation of the medial femoral condyle of 0.1 mm from 0˚to 30˚of flexion.
With the understuffed UKA, the medial femoral condyle translated 14.4 mm more posteriorly compared to the intact knee from 0˚to 30˚of flexion, while the lateral condyle translated 7.8 mm less posteriorly than in the intact knee from 0˚to 30˚of flexion. With regards to axial rotation from 0˚to 30˚of flexion, internal tibial rotation decreased compared to the intact knee in the balanced, overstuffed, and understuffed UKA, by 11.0˚, 7.0˚, and 17.0˚, respectively (Fig. 6) .
Compared to the intact knee, the medial and lateral femoral condyles of the balanced UKA translated a respective 4.4 mm less and 7.4 mm more posteriorly from 30˚to 90˚of flexion (Fig. 5) . By overstuffing the UKA, the medial femoral condyle translated 2.9 mm less posteriorly compared to the intact knee from 30˚to 90˚of flexion, while the lateral femoral condyle translated 6.7 mm more posteriorly. By understuffing the UKA the medial femoral condyle translated 5.2 mm less posteriorly compared to the intact knee from 30˚to 90o f flexion, and the lateral femoral condyle translated 7.6 mm more posteriorly. Internal tibial rotation in the balanced, overstuffed, and understuffed UKA from 30t o 90˚of flexion was 9.0˚, 7.0˚and 10.0˚greater, respectively, than the intact knee (Fig. 6 ).
In the intact knee, the predicted MCL forces remained low from 0˚to 90˚of flexion, ranging from 1 to 8 N (Fig. 7) .
For the balanced UKA, the predicted MCL force was similar to that of the intact knee at full extension (6 N) and at 90˚of flexion (8 N). Between full extension and 90˚of flexion, the predicted MCL force was higher in the balanced UKA than in the intact knee by up to 10 N. Overstuffing the medial compartment increased MCL force by at least 38 N in full extension relative to the intact knee and the MCL remained taut from 0˚to 90˚of flexion. The MCL force in the understuffed knee dropped to 0 N at full extension and remained unloaded until 20˚of flexion. From 20˚to 90˚of flexion, the MCL force in the understuffed UKA was lower than the intact knee, notably by 6 N at 90˚of flexion.
In the intact knee, ACL force was maximum in full extension, reaching 25 N, and decreased to 0 N as the knee flexed to 90˚ (Fig. 8) .
The predicted ACL force with the balanced UKA was 10 N higher than the intact knee in full extension and up to 8 N higher across the flexion path. Overstuffing the medial compartment increased ACL force through the entire range of flexion compared to the intact knee by up to 45 N at full extension. Understuffing the medial compartment decreased ACL force in full extension by 7 N relative to the intact knee and paralleled that of the intact knee through the remainder of the flexion arc.
DISCUSSION
A multibody model of the intact knee corroborated specimen-specific experimental measurements of AP translations of the femoral condyles during passive flexion and was subsequently used to assess knee function following UKA. The main findings of this study were that fixed bearing medial UKA could not maintain the medial pivoting that occurred in the intact knee from 0˚to 30˚of flexion (Fig. 5) . These abnormal condylar translations delayed coupled internal rotation, which primarily occurred in the intact knee from 0˚to 30˚of flexion, but occurred from 30˚to 75˚of flexion following UKA (Fig. 6) . Importantly, the model provided predictions of MCL and ACL forces; although overstuffing the medial compartment partially restored medial pivoting of the intact knee, it increased MCL and ACL tension (Figs. 7 and 8 ). In contrast, understuffing the medial compartment reduced MCL and ACL tension, but led to abnormal lateral pivoting in extension.
The increased posterior translation of the medial femoral condyle that we observed from 0˚to 30˚of flexion after installing the balanced medial UKA is most likely due to the flat shape of the tibial insert (Fig. 5) . Without the medial meniscus to add concavity and AP restraint to the medial compartment, no mechanism is available following UKA to help maintain the AP translations of the medial condyle in extension. 29, 30 Our results also suggest that even though UKA preserves important ligamentous stabilizers such as the ACL, knee kinematics are still highly sensitive to the conformity of the replaced medial articular surfaces.
Modulating the forces carried by the ACL and MCL by over-or understuffing the medial compartment was inadequate in maintaining the AP translations of femoral condyles observed in the intact knee from 0˚to 30˚of flexion. Specifically, even overstuffing the medial compartment, which increased MCL tension by at least 38 N and ACL tension by up to 45 N, could not control abnormal translations of the medial femoral condyle. Our results suggest that AP condylar translations in nonconforming medial UKA are difficult to control by changing implant thickness alone even with all major ligaments intact. These findings align with clinical reports of the difficulty in obtaining predictable knee kinematics when attempting to preserve the cruciate ligaments in knee replacement. 31, 32 Installing the medial UKA and perturbing insert thickness resulted in abnormal posterior translations of the lateral femoral condyle. Specifically, after UKA, the lateral femoral condyle translated less posteriorly from 0˚to 30˚of flexion and more posteriorly from 30˚to 90˚of flexion than the intact knee (Fig. 5) . This caused coupled internal tibial rotation to occur from 30˚to 90˚instead of from 0˚to 30˚following UKA (Fig. 6) . These findings were similar to Heyse et al. 3, 9 where posterior translations of the lateral compartment following medial UKA implantation decreased in the understuffed UKA.
The findings of abnormal condylar translations following UKA may indicate subtle joint instability and aberrant articular contact mechanics. Increased AP translations of the medial femoral condyle could lead to failure of the prosthesis through wear and aseptic loosening, while abnormal translations of the lateral femoral condyle could accelerate progression of osteoarthritic changes in the unreplaced compartment. [33] [34] [35] We speculate that our findings of subtle kinematic deficits in extension may also help explain previous reports that 10% of individuals felt unsafe or anxious when participating in sporting activities following UKA. 36 Previous studies reported coupled internal tibial rotation with flexion in the intact knee ranging from 14˚to 36˚from full extension to approximately 100˚of flexion. 5 This finding agrees with our results: internal rotation of 14˚in the intact knee from 0˚to 90˚of flexion. Our model predicted 11.2˚of tibial external rotation from 0˚to 30˚of flexion after UKA implantation in a balanced position, which also agrees with a previous cadaveric study. 4 Overstuffing the UKA was previously shown to reduce valgus laxity and increase valgus stiffness. 37 This effect of UKA is likely due to the increased MCL and ACL tension reported in the present study. 9 Thus, overstuffing should likely be avoided. Understuffing the medial UKA by 2 mm should probably be avoided as well; it exacerbated the abnormal posterior translation of the medial and lateral femoral condyles observed with the balanced UKA during passive flexion, likely due to increased slack in the MCL and ACL. Although placing the UKA in the balanced position maintained the forces in the MCL in the intact knee in full extension and at 90˚of flexion, the forces were increased at all other angles throughout the flexion path. Altogether, a balanced fixed-bearing UKA did not capture the low ligament forces observed in the MCL and ACL during passive flexion. 12, 38 In contrast to our findings, Patil et al. 39 suggested that a nonconforming medial UKA design (Preservation TM ; DePuy, Johnson and Johnson, Warsaw, IN) preserves both axial rotation of the tibia and femoral rollback during a closed kinetic chain knee extension. However, the additional constraint of their test set-up, which did not allow translation of the distal tibia, likely reduced the ability to detect changes in articular geometry compared to our less constrained model. Similar to our findings, Heyse et al. 3 identified increased posterior translation of the medial femoral condyle after installing the UKA in comparison to the intact knee using a less constrained loading rig.
Our study has limitations. A model of a single knee does not capture the variations in bony and articular morphologies as well as ligament shapes and mechanical properties across a population. However, the model underwent rigorous evaluation against subject-specific experimental measurements both in this study and previously. 12 For example, from 0˚to 30˚of flexion, the 1.2 mm RMS difference between predicted and measured AP translations of the medial femoral condyle was 7.2 times less than the differences imparted by installing the balanced UKA. Similarly, the 2.8 mm RMS difference between predicted and experimentally MEDIAL UNICOMPARTMENTAL KNEE ARTHROPLASTY measured AP translations of the lateral condyle was 2.2 times less than the predicted differences caused by installing the balanced UKA. The model of the intact knee also corroborated the AP condylar translations measured in a corresponding cadaver experiment, 12 and, after UKA, the abnormal external rotation with passive flexion measured in a group of ten similarly tested knee specimens. 4 Thus, the conclusions derived using the model are strong. A second limitation was that the simulations included low compressive forces, reflecting those applied in the exam and operating rooms, not those encountered during daily activities. Nevertheless, our simple model of passive flexion was able to identify the influence of altered medial compartment conformity and tibial insert thickness in UKA on tibiofemoral kinematics and ligament forces.
This study has further limitations. A rigid body contact formulation was utilized, which neglects the deformation of the articular surfaces; however, the model does account for the stiffness of both the contacting cartilage surfaces 21 and the contacting metal and polyethylene components (Supplementary Material, Appendix 1, Figs. S-1 and S-2). Furthermore, our simulations utilized frictionless articular surfaces. We assessed the impact of including friction between the contacting metal and polyethylene surfaces utilizing values for the dynamic (0.035) and static friction (0.04) coefficients measured as a function of slip velocity. 40 We found that for the overstuffed UKA, which generated the greatest medial contact force and is therefore the worst case scenario, that the ACL and MCL forces changed by <1 N at any single flexion angle after including friction. Similarly, AP translations of the medial and lateral condyles differed by <0.7 mm and <0.1 mm, respectively, at any one flexion angle (Supplementary Material, Appendix 2, Fig. S-3 ). In contrast, the differences in AP translations from 0˚to 90˚between the balanced, over-, and understuffed UKA were a minimum of 7.2 mm in the medial compartment, which is 10 times larger than the changes caused by including friction. Nevertheless, subsequent analyses can easily include friction. The current work focused on quantifying the effect of overstuffing and understuffing of the medial compartment in a single UKA design. Therefore, our findings are not generalizable to other designs such as those using a mobile bearing; future studies could easily integrate different articular shapes.
In summary, installing a fixed bearing medial UKA in a computational model of the tibiofemoral joint corroborated previous findings of altered AP translations of the medial and lateral femoral condyles. Moreover, modulating tibial insert thickness via overstuffing or understuffing the joint line failed to restore the medial pivoting behavior of the intact knee. Unique to this study using a computational model, we found that overstuffing comes at the cost of increased MCL and ACL tension, which would elevate contact force on the medial compartment. On the other hand, understuffing the joint line reduced MCL and ACL tension, but caused lateral pivoting in extension. This computational model can be used to understand the interaction between common surgical variables, such as implant placement, and knee function including kinematics and ligament forces.
AUTHORS' CONTRIBUTIONS
All authors (Drs. Kia, Warth, Lipman, Wright, Westrich, Cross, Mayman, Pearle, and Imhauser) conceptualized and designed the study. Drs. Kia, Imhauser, and Warth carried out the study with computational modeling conducted by Dr. Kia. All authors contributed to data interpretation. Drs. Warth, Imhauser, and Kia drafted the manuscript with all authors providing critical reviews and edits. All authors read and approved the final submitted manuscript.
